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Use of Induced Acceleration to Quantify the
(De)stabilization Effect of External and
Internal Forces on Postural Responses
Edwin H. F. van Asseldonk*, Mark G. Carpenter, Frans C. T. van der Helm, and Herman van der Kooij
Abstract—Due to the mechanical coupling between the body seg-
ments, it is impossible to see with the naked eye the causes of body
movements and understand the interaction between movements
of different body parts. The goal of this paper is to investigate
the use of induced acceleration analysis to reveal the causes of
body movements. We derive the analytical equations to calculate
induced accelerations and evaluate its potential to study human
postural responses to support-surface translations. We measured
the kinematic and kinetic responses of a subject to sudden forward
and backward translations of a moving platform. The kinematic
and kinetics served as input to the induced acceleration analyses.
The induced accelerations showed explicitly that the platform ac-
celeration and deceleration contributed to the destabilization and
restabilization of standing balance, respectively. Furthermore, the
joint torques, coriolis and centrifugal forces caused by swinging
of the arms, contributed positively to stabilization of the Center
of Mass. It is concluded that induced acceleration analyses is
a valuable tool in understanding balance responses to different
kinds of perturbations and may help to identify the causes of
movement in different pathologies.
Index Terms—Biomechanics, induced acceleration, postural
control, postural perturbations.
I. INTRODUCTION
POSTURAL control is often assessed by using suddentransient support base movements. The activity generated
to restore balance is quantified by variables deduced from
force plates, motion analysis or electromyography (EMG)
recordings. The EMG recordings indicate which muscles show
an increased activity in response to the perturbations and are
therefore likely involved in counteracting the perturbations.
However, the contribution of a muscle to the balance restoration
cannot be revealed solely by its EMG recording. Despite recent
Manuscript received September 11, 2006; revised February 26, 2007. The
work of M. G. Carpenter was supported by a research grant of the Natural
Sciences and Engineering Research Council of Canada (NSERC), and by the
Swedish Research Council. All other authors were supported by the Netherlands
Organisation of Scientific Research (Vernieuwings-impuls 2001, 016027011,
granted to H. van der Kooij) and by the Institute for Biomedical Technology.
Asterisk indicates corresponding author.
*E. H. F. van Asseldonk is with the Institute for Biomedical Technology
(BMTI), University of Twente, P.O. Box 217, 7500 AE Enschede, The Nether-
lands (e-mail: e.h.f.vanasseldonk@ctw.utwente.nl).
M. G. Carpenter is with the School of Human Kinetics, University of British
Columbia, Vancouver, BC V6P 1Z1 Canada.
F. C. T. van der Helm is with the Biomecatronics And Bio-Robotic Group,
Department of Biomechanical Engineering, Faculty of Mechanical, Maritime
and Materials Engineering, Delft University of Technology, 2628 CD, Delft,
The Netherlands.
H. van der Kooij is with the Institute for Biomedical Technology (BMTI),
University of Twente, 7500 AE Enschede, The Netherlands.
Digital Object Identifier 10.1109/TBME.2007.897831
advances [1], [2] in determining the relations between EMG
activity and muscle forces, the validity of these relations in
multi-joint movements has yet to be examined. Furthermore,
the relative contribution of generated joint torques to balance
control is currently unknown.
Besides internally generated activity, other components may
also contribute to balance restoration. McIlroy and Maki [3]
were the first to point out that the deceleration of a moving
platform could be considered as a second perturbation. The
platform deceleration acts as a force on the human body which
is opposite to the perturbing force of the acceleration, and there-
fore, may assist the human body to restore equilibrium. The
potential of the deceleration phase to facilitate balance recovery
was evident in a number of studies. Runge et al. [4] showed that
the reversal of the center of mass (CoM) movement towards
equilibrium coincided with the deceleration of the platform
movement for backward perturbations with different velocities.
By using responses to perturbations with different velocities,
Bothner and Jensen [5] showed that an increased platform
velocity was accompanied by an increased stabilization origi-
nating from the platform deceleration which even compensated
for the decreased stabilization originating from the muscles.
In a recent study, Carpenter et al. [6] manipulated the delay
between the equal initial acceleration and the onset of the de-
celeration phase (short delay: 0.1 versus long delay: 2 s). They
clearly showed the stabilizing effect of the deceleration; angular
displacements of the trunk were decreased in translations with
a short, compared to long, acceleration–deceleration interval.
Furthermore, they showed the ability of the central nervous
system (CNS) to adapt its response to an initial acceleration on
the basis of expectations about the forthcoming deceleration.
These different studies clearly show the potential of a platform
deceleration in restoring equilibrium; however, the extent to
which the platform deceleration contributes to movements of
the joint and the CoM is currently unknown.
Another possible contributor to stabilization of the human
body in response to external perturbations is arm movement.
Arm movements could aid in restoring balance when the move-
ments occur in the direction opposite to the initial direction of
CoM movement, thereby serving as a counterweight to change
the position of the CoM away from its initial direction [7].
Another restoring effect of the arm movements might be the
accompanying centrifugal forces. Which of these components
contributes the most to balance corrections and how large their
magnitude is compared to other balance correcting responses
is not known.
In the last decade, Induced Accelerations Analysis (IAA) has
shown to be a promising technique for analyzing the causes of
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movement in pathological gait [8]. In IAA, the effect of a joint
torque and/or muscle force on the acceleration of the different
joint angles, body segments, and of the CoM is calculated. A
key element of IAA is that it not only assesses the effect of
a joint torque on its adjoining segments but on all segments
of the model. By using IAA, new insights have been gained
regarding the contribution of plantar flexors [8] and upper leg
muscles [9] to body support and forward progression. In partic-
ular, IAA has provided insight on the cause of decreased knee
flexion during the swing phase in stiff knee gait of cerebral palsy
patients [10]–[12], and adaptation in the knee and hip to com-
pensate for the decreased ankle function in a stroke patient [13].
Although this method has yet to be applied to studies of balance
control, it offers the potential to improve our understanding of
the factors that contribute most to restoring equilibrium.
Therefore, the goal of this study is to investigate the use of
IAA to reveal the causes of body movement. A new method
to calculate the induced accelerations has been developed and
applied to calculate the contributions of the different joints,
platform and arm movements to restore balance in response to
platform perturbations. The method was based on analytically
derived expressions, in contrast to the numerical approaches
used in the gait studies described before. When applying IAA
to study the balance responses, the induced horizontal acceler-
ations of the CoM of each component can be used to derive the
effect of the concerned component in stabilization of the CoM.
II. MATERIALS AND METHODS
A. Subjects
The subject was a 24 year old woman, who was 1.65 m tall
and weighed 58 kg. She did not have any neuromuscular dis-
orders. Before the experiment, she signed an informed consent.
The experiment was approved by the local ethics committee and
was in accordance with the Declaration of Helsinki.
B. Experimental Apparatus and Recordings
The subject stood on two force plates (Bertec, USA) fixed to
the top of a moving belt (Model 5288, Boy Transport Material,
Denmark) that was driven by a 5.5-kW motor (KMER 132.Mx6,
VEM, Germany) and controlled by an automation driver (VLT
5000, Danfoss, Denmark). With this set-up, the force plate could
be rapidly translated up to a maximum distance of 2 m in either
the forward or backward direction. The subject assumed a com-
fortable stance, with an inter-heel distance of 17 cm, let her arms
hanging freely at her sides and had her eyes open and fixed on a
target approximately 3 m in front of her. Ear phones were worn
to prevent any audio feedback from the motor or actions of the
operator prior to the onset of the perturbation.
Platform acceleration was recorded with an accelerometer
(Kistler, K-Beam 8302A10, USA) fixed to the front of the force
plate. The accelerometer signal was low-pass filtered at 500 Hz
(NL 125, Digitimer, UK), and sampled at 1 kHz using a CED
micro 1401 and Spike2 data collection software (Cambridge
Electronic Design, UK). The signal was subsequently digitally
filtered using a 100-Hz low-pass recursive Butterworth filter.
The onset of platform movement was determined as the first in-
flection of the horizontal acceleration for each individual trial.
Anterior–posterior moments and forces from the force plates
were sampled at 1 kHz using the same collection set-up. Kine-
matic data were recorded using an eight-camera infrared mo-
tion analysis system (ProReflex, Qualisys, Sweden). Reflective
markers were attached to the skin or tight-fitting lycra shorts,
over the following anatomical landmarks: bilateral heel, big toe,
lateral malleolus, knee and greater trochanter, anterior supe-
rior iliac spine, and the sacrum. Furthermore, markers were at-
tached bilaterally to the shoulder, upper arm, elbow, and wrist.
Recording of position data was triggered 1 s prior to platform
perturbation and measured for 10 s. Position data were sampled
at 100 Hz, converted off-line to 3-D coordinates, and digitally
filtered using a 10-Hz low-pass recursive Butterworth filter.
C. Experimental Protocol
Postural responses were recorded during a set of 40 trials that
consisted of an equal number of forward and backward pertur-
bations as well as an equal number of short and long perturba-
tions. All the different perturbations were randomly ordered. In
this paper, we will present the results of the short forward and
backward perturbation, so a total of 20 trials were analyzed. The
perturbations consisted of a surface translation with an initial
acceleration (duration 300 ms; peak 1.3 ms ) followed after a
100 ms delay, by a deceleration pulse (duration 200 ms; peak
1.7 ms ). The maximal velocity, reached during the 100 ms
delay, was 0.25 ms and the total displacement was 0.08 m.
D. Data Analysis
1) Pre-Processing of Kinematic and Kinetic Data: The mea-
sured ground reaction forces and torques were compensated for
the inertia of the top plate of the force plate (procedures ac-
cording to [14]) and resampled to a frequency of 100 Hz. Subse-
quently, the corrected torques and forces were low-pass filtered
with a second-order Butterworth filter with a cut-off frequency
of 10 Hz. From the filtered forces, the center of pressure (CoP)
and the resultant ground reaction force of both force plates to-
gether was calculated. The joint angles and segment center of
masses were calculated from the measured marker positions in
a bottom-up approach, starting with the foot, subsequently the
lower leg, and so on. In calculating the segment positions and
orientations, the anatomical properties were kept constant and
the rotations were calculated based on the predefined rotation
axes for each joint.
The subject’s body was modeled with an inverse and forward
model (for a schematic overview of the models and their inter-
connections, see Fig. 1). The inverse model was used to calculate
the joint torques, which served as input for the forward model
to calculate the induced accelerations. The anthropometric di-
mensions of both models were exactly the same and were pre-
served during every single time step of the analysis. The anthro-
pometric data (mass, the position of the center of mass in the
local frame, and the moment of inertia tensor) were determined
with the regression equations of Chandler et al. [15]. These re-
lations depend on the total body weight and the dimensions of
the segments. The latter and the orientation of the local coordi-
nate frame were determined from the marker positions in a pos-
ture in which the subject was standing straight up, according to
the method described by Brand et al. [16]. The inverse model
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Fig. 1. Inverse model (left) and forward model (right) with their degrees of freedom. The main difference between the degrees of freedom is the root of the
model which is the position and orientation of the pelvis in the inverse model and the horizontal ankle position in the forward model. The measured movements
and ground reaction forces serve as input in the inverse model to calculate the joint torques and the error term, which in turn serve as input together with
gravity forces, platform acceleration and centrifugal forces to the forward model. Also the joint angles are input to the forward model as these are necessary
to calculate the reduced mass matrix (I ). The left arm is not depicted but is part of both models and the definition of the degrees of freedom is similar to
the definition of the right arm.
was made of a foot, shank, thigh, pelvis, and trunk segment and
left and right lower and upper arm (Fig. 1). The mass and in-
ertia of the hands and head were fused with the lower arms and
trunk, respectively. The forward model was made of the same
segments apart of the foot, which was kept out of this model
for reasons explained later. As the movements of the legs and
trunk occurred almost only in the sagittal plane, the joints of
these segments were modeled as hinge joints with a mediolat-
eral axis. The shoulder joints were modeled as ball and socket
joints because responses to the perturbations involved consider-
able arm movements out of the sagittal plane. The elbow joints
were modeled as hinge joints. In short, the trunk, pelvis, and legs
are modeled in 2-D while the arms are modeled in 3-D.
The masses and inertias of the two feet, shank and thigh
segments of both models were combined into single segments
to prevent problems during the calculations with the forward
model. The main difference between the inverse and forward
model was the root of the model and the accompanying differ-
ence in the definition of some of the degrees of freedom of the
model. The root of the model is the point in the human body
with respect to which movements of all other segments are de-
fined. The root of the model differed between models to make
it possible to calculate an error term with the inverse model and
to automatically get the interaction forces in the ankle for the
forward model. These notions are explained in more detail in
Sections II-D2 and II-D3, respectively.
2) Calculation of Joint Torques: The inverse model had a
total of 15 degrees of freedom (Fig. 1). The first 3 degrees of
freedom were used to define the root of the model which was
the position and orientation of the pelvis segment to the global
frame. From this root, the other segments branched off in two
directions, towards the hands (upper branch) and towards the
feet (lower branch). Three degrees of freedom, being the orien-
tation of the upper leg, lower leg, and foot with respect to the
proximal segment defined the orientation of the lower branch.
The remaining degrees of freedom described the movement in
the upper branch and were the orientation of the trunk, lower
arm, and upper arm with respect to the proximal segment. We
did not assume a left–right symmetry between the arm move-
ments because there was a considerable difference between the
movements. Allowing unequal movements might result in an
imbalance between the reaction forces in the shoulder along the
sagittal (z) axis. As the segments below the shoulder are only
allowed to move in the sagittal plane, this force will be trans-
mitted to the ankle via the joint constraint forces.
The joint torques were calculated from the distal ends towards
the root. The forces and accelerations in the one branch were
not part of the calculations in the other branch. This implies
that the joint torques in the lower branch were calculated on
bases of the measured ground reaction forces and accelerations
of the lower leg segments, while the joint torques in the upper
branch were calculated solely on bases of the accelerations of
the upper body and arms. Due to errors in these calculations (due
to modeling assumptions about, e.g., the position of the joint
centers of rotation and the segment centers of mass) it could
be that the sum of the resulting torques and forces of the lower
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and upper branch on the pelvis did not match with the measured
accelerations. Also for multi-segment bodies, Newton’s second
law should apply, which states that the sum of the forces is equal
to the mass–acceleration product. The error term that had to be
applied to the root to fulfill the equations of motions was a direct
measure of the accuracy of the calculations.
The derivation of the inverse dynamical equations can be
found in the Appendix. The final equation used to calculate the
forces and torques in the degrees of freedom has the measured
movements and forces as input and the torques and forces in the
degrees of freedom as output (see Fig. 1).
(1)
where , , and are vectors with the external
forces and torques, gravitational forces, and centrifugal forces
expressed in the degrees of freedom of the inverse model.
is the reduced mass matrix, , , are the vectors with
the positions, velocities, and accelerations in the degrees of
freedom, and indicates the number of degrees of freedom.
The ground reaction forces and torques in the sagittal plane are
part of the external force vector. contains the calculated
torques in the joints as well as the forces and torques in the
pelvis. The latter can be regarded as the error term.
3) Calculation of Induced Accelerations: The forward model
had a total of 12 degrees of freedom. This is 3 less than the
inverse model, because the degrees of freedom necessary for
the calculation of the error term were left out of the forward
model, as the error term were inputs in the forward model [ ,
see (2)]. The root of the model was the movement of the ankle
with respect to the global frame. The ankle was considered to
be fixed to the platform. As a consequence, applying a torque
on the model automatically led to the corresponding joint reac-
tion force in the ankle as this force was necessary to enforce
the kinematic constraint. Consecutive application of the dif-
ferent torques in isolation led to a decomposition of the ankle
joint reaction force into its different contributors. As the move-
ments in the ankle were predefined and could not be changed
by torques or forces generated in the human body, this degree of
freedom was considered to be kinematic. The remaining degrees
of freedom defined the orientation of the lower leg, upper leg,
trunk, lower arm, and upper arm with respect to the proximal
segment and could be considered to be the dynamic degrees of
freedom. For a more detailed explanation about the kinematic
and dynamic degrees of freedom and to see the derivation of
the equations of the forward model, we refer the reader to the
Appendix.
The accelerations in the dynamic degrees of freedom of the
human body can be calculated with
(2)
where is the reduced mass matrix, are the joint torques
in the dynamic degrees of freedom (denoted with the ), are
the gravitational forces, are the external forces, are the
coriolis and centrifugal forces, and are the equivalent torques
in the degrees of freedom as a result of the platform acceleration.
, , and are the vectors with positions, velocities, and
accelerations in the dynamic degrees of freedom, and r indicates
the number of dynamic degrees of freedom (11). The terms of
(2) have strong resemblance to the terms of (1), though the terms
are now expressed in the dynamic degrees of freedom of the
forward model and the external force term now consists of the
error term and there is one extra term .
In the IAA, we want to calculate the effect of each of the joint
torques, coriolis and centrifugal forces, gravitational forces, and
platform acceleration on the accelerations of the dynamic de-
grees of freedom of the forward model. For example, the in-
duced acceleration due to the joint torques is
(3)
The accelerations in the dynamic degrees of freedom can be
thought of as a summation of the induced accelerations of the
separate terms, as indicated with a superscript in the following
equation:
(4)
When the accelerations of the dynamic degrees of freedom
are known, the rotational and translational accelerations of
the segments with respect to the ankle can be calculated by
pre-multiplying each term with the jacobian, [see also the
Appendix, (20)]. For the joint torques
(5)
where are the induced accelerations (translational and ro-
tational) of the joint torques on the different segments. From the
induced accelerations of the separate segments, the induced ac-
celeration of the CoM can be calculated, by taking the weighted
averages of the segment masses. The horizontal induced accel-
eration of the CoM will be indicated with and the vertical
acceleration with . For the ease of notification, the is left
out of abbreviation and can be replaced with the symbols in-
dicating the other terms (i.e., , ).
The accelerations in the degrees of freedom can be thought
of as the summation of the separate terms [see (4)]. Each of
these terms can also be thought of as the sum of its separate
subterms, i.e., the induced acceleration of the joint torques is
the sum of the induced accelerations of the ankle torque, knee
torque, hip torque, and so on. In order to maintain balance, the
induced accelerations of the joint torques have to counteract
the disturbing induced accelerations from the ankle/platform
acceleration and gravity. The effect of the platform acceleration
and gravitational forces was assessed by applying each of these
terms to the model. The induced accelerations of the arm move-
ments on the CoM were calculated by applying the centrifugal
forces as a result of the arm movements ,
the gravitational forces of both arms and
the generated torques in the elbow and shoulder of both arms
to the model. The induced accelerations
were calculated for each trial. The average induced accel-
erations were calculated by point-by-point averaging of the
successful trials.
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Fig. 2. Displacements of the different joints in response to the forward pertur-
bation for a single trial. Color coding and the size of the wrist marker reflect the
time course of events. The different phases (as defined in Fig. 3) of the response
are indicated in the horizontal color bar. In response to the platform translation
during the BF and start of BR phase, all segments initially showed a backward
rotation. There is a clear distal to proximal progression in the onset of the rota-
tion. After the initial counter clock wise rotation the ankle showed a clockwise
rotation to counteract the translation. The arms swung forward during the BF
and BR phase and returned during the FF and FR phase.
III. RESULTS
The results of the forward platform perturbations will be
presented and interpreted in detail. In the last section, we will
briefly show the results of the backward platform perturbations.
A. Forward Platform Perturbation
1) Stabilization of the Center of Mass: In response to the for-
ward platform translation, the whole body initially “fell” back-
ward, followed after about 0.5 s by a forward flexion of the arms
(Fig. 2). In the course of the response, the body and arms moved
back to their original location. The movements of the body were
reflected in the CoM movements [Fig. 3(b)–(d)]. As shown in
Fig. 3(a) and (b), there were four distinct phases of CoM move-
ment. These phases were defined by the sign of the CoM with
respect to its initial value and the direction of the movement. Ini-
tially, the CoM moved backward (backward fall “BF”) followed
by a return to the position prior to the perturbation (backward re-
turn “BR”). The movement did not halt at the initial position but
passed this position which resulted in a forward fall “FF”. Even-
tually, this forward fall was slowed down and the CoM moved
back to its initial position (forward return “FR”).
With IAA, the CoM acceleration is decomposed in its
different contributors. Each of contributors stabilizes or desta-
bilizes the CoM. The required direction to stabilize the CoM
depends on the phase. In general, the induced acceleration of
a term should be opposite to the CoM movement during either
of the fall phases to counteract the movement and restabilize
the CoM. During the return phases, the induced acceleration
should initially be directed towards the equilibrium position to
Fig. 3. (a) Definition of the different phases based on the horizontal CoM
movements with respect to the ankle. BF indicates backward fall, BR backward
return, FF forward fall and FR forward return. The position, velocity and
acceleration of the horizontal CoM position are depicted in panels (b), (c),
and (d), respectively. In the plot of the CoM acceleration, also the platform
acceleration is depicted. The onset of the perturbation is at time 0 s and the
offset of the perturbation is indicated with the dashed vertical line. The different
shadings indicate the different phases which are indicated in the horizontal bar
on the bottom of the figure.
generate the required returning velocity, however, at the end of
the return phase, the induced acceleration should reverse sign to
slow down the returning movement and prevent an overshoot.
Judging from the similarity between the pattern and magni-
tude of the induced accelerations of the platform acceleration
and the accelerations of the CoM, the platform acceler-
ation was clearly one of the main contributors to the horizontal
acceleration of the CoM [Fig. 4(a)]. The similarity between both
indicates that the platform acceleration not only destabilized
the body during the BF phase but also largely contributed to
the restabilization of the CoM during the second part of the BF
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Fig. 4. Horizontal (upper panels) and vertical (lower panels) induced accelerations on the CoM of the sum of the gravity forces (x ; y ), the sum of the
joint torques (x ; y ), and the platform acceleration (x ; y ) for the forward (left panels) and backward perturbation (right panels).
phase and the BR phase. At the end of the BF phase and during
the BR phase, the platform was decelerating, which resulted in
a opposite to the CoM movement. One could even argue
that the deceleration of the platform contributed so much to the
returning velocity that the human body was not able to stop at
the initial position but made an overshoot. In this respect, the
deceleration could be regarded as a second perturbation, which
is in the opposite direction of the initial perturbation.
In order to counteract the disturbing effect of the platform
acceleration, the human body has to generate a response with
an induced acceleration oppositely in sign of the platform term.
The induced acceleration of the sum of generated joint torques
showed an increase of its baseline value for the forward
perturbation, which would counteract the effect of the platform
acceleration and cause a return of the CoM to its initial posi-
tion. This increase lasted for the entire duration of the BF phase.
In the remaining phases, the showed a decrease with re-
spect to its baseline value. In the BR phase, this served to break
the returning movement. However, at the end of the BR phase
the CoM velocity was still close to its maximum (Fig. 3). The
subject moved with a great velocity through the equilibrium po-
sition and the subject fell forward. The subject’s body can be
regarded as an underdamped inverted pendulum, resulting in a
continued sway with overshoot after a perturbation occurred.
The induced accelerations of the torques in the FF and FR phase
first slowed down this movement and then set in the return to the
initial position.
The joint torques not only had to counteract the disturbing
platform translation but also the gravitational forces. The
changes in induced accelerations of the gravitational forces are
the consequence of the changes in the body orientation. After
the onset of the perturbation first showed a very small
drop and subsequently a large increase that lasted for the BR,
FF and FR phases [Fig. 4(b)]. The contribution of the induced
accelerations of the gravitational forces became especially
clear after the platform translation ended. The sustained high
positive induced accelerations contributed largely to the high
positive CoM velocity, necessitating the joint torques to cause
the induced accelerations in the opposite direction.
In the previous paragraphs, we considered the combined ac-
tions of all the joint torques. This induced acceleration is the
sum of the induced accelerations of the separate joint torques.
The subject initially generated a dorsiflexion, knee flexion, hip
extension, and lower back extension torque (Fig. 5). After the
perturbation ended, the joint torques often crossed their base-
line levels, before returning to these levels. The pattern of the
induced accelerations of each of the joint torques was similar
to the pattern of the observed joint torques. However, the “gain”
(the reduced mass matrix) between the joint torques and induced
accelerations differed between the joint torques as it was de-
pended on the body configuration. increased during the
BF and BR phases and showed a decrease with respect to its
baseline value during the FF and FR phases. So in both phases it
contributed largely to the stabilization of the CoM. In contrast,
showed the opposite pattern and, therefore, contributed
negatively to the horizontal stabilization. One could question
why the CNS would generate such a large joint torque that desta-
bilizes the body. The answer to this question will follow when
we present the results for the body weight support. The induced
acceleration of the hip joint and lower back were relatively small
compared to the ankle and knee and were opposite to each other.
Some joints showed opposing induced accelerations, as was the
case for the knee and ankle. In general, the induced acceleration
of all the joint torques was dominated by the contribution of the
ankle torque.
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Fig. 5. (a) Joint torques in the ankle, knee, hip, and lower back and (b) the
horizontal induced accelerations, x , and (c) vertical induced accelerations,
y , on the CoM of these joint torques. Positive joint torques indicate dorsal
flexion, knee extension, hip flexion, and trunk bending. As a reference, the in-
duced accelerations in horizontal and vertical direction of the sum of the joint
torque.
The error term is the result of the mismatch between the mea-
sured ground reaction forces and accelerations of the human
body. The magnitude of the induced accelerations of the error
term gives an indication about the reliability of the used model
and the reliability and accuracy of the measurements. Compared
to the measured acceleration the induced acceleration of the
error term is generally small, however compared to the other
terms its contribution was substantial [Fig. 6(a)]. The pattern
is rather random and contains high-frequency components, so
a detailed description of its contribution during the different
phases is not relevant.
The induced accelerations of the centrifugal forces showed
two small peaks in the positive direction during the transition be-
tween the BF and BR phase and during the FF phase [Fig. 6(a)].
The first peak was in the direction of the returning movement of
the CoM and contributed with the joint torques to the reversal of
the CoM velocity. Although the second peak was also positive,
it did not contribute to the return of the CoM but to the fall, as
it occurred during the forward fall.
The centrifugal forces showed a clear contribution to the sta-
bilization of the CoM for forward perturbations. A possible ex-
planation for the high contribution could be the swinging of
the arms. Indeed, the arms swung forward in response to the
forward perturbation (Fig. 2). Apart from the large centrifugal
forces, raising the arms could also affect the accelerations of
the CoM through the generated shoulder and elbow torques and
through the changes of the relative position of the gravity forces.
The contributions of the arm joint torques and especially gravity
are relatively small compared the contribution of the centrifugal
forces of the arms (Fig. 7). The two peaks in the induced acceler-
ations of the total centrifugal forces in response to the forward
perturbation were largely caused by raising and lowering the
arms, judging from the similarity between the timing and pat-
tern of the peaks. As already discussed in more detail for the
total centrifugal forces, the first peak contributed positively and
the second peak negatively to the stabilization of the CoM. An
indication about the contribution of each of the peaks can be ob-
tained by integrating the areas below the curves. The area below
the first peak of was slightly larger than below the second
peak, meaning that the centrifugal forces contributed more to
stabilization during BF and BR than to destabilization during
FF and FR. In contrast, on bases of the areas below the curves
of and , the arm torques and gravity contributed
more to destabilization during the FF and FR phase than to sta-
bilization during the BF and BR phase.
2) Weight Support: In response to the perturbation, the ver-
tical position of the CoM also needs to be stabilized to pro-
vide body weight support. Although the accelerations of the
CoM in the vertical direction were relatively small [Fig. 4(b)],
gravity and joint torques contributed significantly to the induced
accelerations.
The induced accelerations of the gravitational forces
were continuously negative; in the middle of the BF phase it in-
creased towards zero and subsequently it showed a large drop
during the BR and FF phases. The changes in coincided
with similar but opposite changes in . So, the joint torques
were largely responsible for supporting the body weight. The
joint torques at the knee and lower back were the main contrib-
utors to the increase of during the BF and BR phase [lower
panel, Fig. 5(c)]. So the joint torque in the knee was generated
for the stabilization of the CoM in the vertical and not in the
horizontal direction.
B. Backward Platform Perturbation
In response to the backward perturbations, the body moves
in a similar but opposite pattern [Fig. 4(c)]. However, after
the overshoot the body moved back to its initial position very
slowly, resulting in a BR phase which extended after 3 s [see
phase definition below, Fig. 4(d)]. The results of induced
acceleration analysis generally confirmed the results of the for-
ward perturbations. The platform acceleration and deceleration
dominated the accelerations of the CoM. The generated joint
torques counteracted the destabilizing effect of gravity and the
platform acceleration. Although not depicted, the ankle torque
was again the main contributor to stabilization, while the knee
joint torque contributed to destabilization and the hip joint and
lower back were again relatively small. We also observed a
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Fig. 6. Induced accelerations on the horizontal CoM of the error term (x ) and the centrifugal forces (x ) for the (a) forward and (b) backward perturbation.
As a reference, the measured accelerations of the CoM with respect to the ankles is depicted.
Fig. 7. Induced accelerations on the horizontal CoM of the sum of gravity
forces acting on the arm, (x ), the sum of the generated torques in the
shoulders and elbows (x ) and the centrifugal forces resulting from the
arm movements (x ) in response to the forward perturbation.
remarkable difference. In contrast to forward perturbations, the
centrifugal forces contributed little to either the stabilization or
the destabilization during backward perturbations. This could
be explained by the absence of significant arm movements in
response to the backward perturbation.
IV. DISCUSSION
The goal of this paper was to reveal the cause of movements
in response to balance perturbations by analytically deriving
the equations to calculate the induced accelerations. The results
showed that the platform translation is the main contributor to
the destabilization but also the initial restabilization of the CoM.
Furthermore we showed that swinging the arms can contribute
positively to the stabilization of the CoM through the centrifugal
forces.
A. Assumptions in the Calculation of the Induced Accelerations
In calculating the induced accelerations several assumptions
were made which merit further discussion. We assumed that the
feet were fixed to the platform, so the accelerations of the ankle
were equal to those of the platform. Although we studied foot
in place reaction, it was possible that the front of the feet lifted
up in response to the perturbation and consequently the ankle
moved a bit in horizontal and vertical direction. The accompa-
nying accelerations were not taken into account in the calcula-
tion of the accelerations of the different segments, which may
have contributed to a mismatch between the measured forces
and the calculated accelerations at the pelvis segment and con-
sequently, added to the error term in horizontal and vertical di-
rection. However, the induced accelerations of the total error
term were relatively small, so the assumption that the feet were
fixed to the platform seems to be justified.
In the models, we chose to combine both legs in “one leg.”
This was done because the movements in the joints of the right
and left leg were very similar. When the joint angles were cal-
culated for the separate legs, the root mean square values of the
difference between the joint angles of the ankles, knees, and hips
were 1.3 , 2.5 , and 1.8 , respectively. Both legs were also com-
bined in one leg to avoid problems with the closed chain formed
by the two legs, pelvis, and the floor. Modeling of the closed
chain with a kinematic constraint on both ankles and similar
movements on both sides can result in a singular or close to sin-
gular reduced mass matrix. This would have affected the accu-
racy of the outcome of the forward model. Furthermore, the use
of the “one leg” model instead of a model with a closed chain did
not affect the results. Consider a model with two separate legs
and only sagittal movements. Both ankles are fixed to the plat-
form so the closed chain only has 2 degrees of freedom, e.g., the
right ankle and knee. Because of this configuration, movements
in the right ankle will always be accompanied by equal move-
ments in the left ankle. So applying a joint torque to this model
will always be accompanied by similar induced accelerations in
the corresponding joints of both legs. Consequently, the induced
accelerations of the leg joints in the “one leg” model would be
the same as the sum of the induced accelerations of the left and
right leg joints of a model with the closed chain incorporated.
B. Design of Perturbation Signals
In our experiment, the platform acceleration is the main con-
tributor to the acceleration of the CoM in the horizontal direc-
tion during the course of the platform movement. It destabilizes
the body with the initial acceleration but also helps to restabilize
the body with its deceleration. The deceleration might even per-
turb the body in the direction opposite to the initial perturbation.
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These results underline the importance of the acceleration pro-
file of the perturbation. This was also indicated in earlier studies
[3]–[6]. However, in these studies the importance of the acceler-
ation profile was shown by the coincidence of the start of accel-
eration and deceleration phases with EMG activity or reversals
of joint and segment movements. In none of these studies has
the effect of the platform acceleration been quantified so unam-
biguously as in the current study.
Although McIlroy and Maki [3] stressed the need to consider
the displacement, velocity, and acceleration characteristics of a
support-surface perturbation independently, this has not become
common practice [17], [18]. The necessity to describe the ac-
celeration profile is clarified in Fig. 8. The solid displacement
signal is obtained by double integration of a pulse-like acceler-
ation profile, while the dashed signal is the increasing slope of
a sine wave. The depicted perturbation signals have exactly the
same displacement and approximately the same maximal ve-
locity (Pulse: 0.134 ms , Sine: 0.157 ms ) and maximal ac-
celeration (Pulse: 0.89 ms , Sine: 0.82 ms ); however, their
acceleration profiles clearly differ. In all probability, this will
affect the postural response as the platform acceleration dom-
inates the acceleration of the CoM. Brown et al. [19] showed
that the onset latency for the Gastrocnemius muscle, the time
to maximal CoM excursion was smaller and the impulse of
the ankle joint torque was larger in response to a backward
pulse-based perturbation compared to a sine-based perturbation.
The pulse-based signal required a more intense response as the
actual perturbation (the acceleration) was more concentrated at
the start of the perturbation and the restabilizing effect of the
deceleration was delayed. Unfortunately, Brown et al. only re-
ported the results until the maximal CoM excursion was reached
and not the effect of the acceleration profile on the return of the
CoM to the equilibrium position. In our view, the time between
the acceleration pulse and deceleration pulse should be maxi-
mized. Still, this should be combined with unpredictability in
the onset and offset of the acceleration and deceleration pulse
[3]. So the subject is not only forced to generate a response to
stabilize from the platform-induced falling movement, but he
can also not count on the platform deceleration for his return
movement. The random use of a triphasic pattern, in which a
second acceleration pulse can occur, would force the subject
even more to generate an accurate genuine response to the first
acceleration pulse [3].
C. Applicability of Analytical Approach to Other Situations
This was the first time induced accelerations have been used
to determine the cause of movements in balance responses. Pre-
vious studies that applied IAA in gait [8], [9], [11]–[13], [20]
all used forward dynamical simulations in combination with
optimization to determine the induced accelerations of the dif-
ferent muscles. Forward dynamical simulations were required
in these studies to assess the activation and generated force of
the muscles and for an appropriate modeling of the foot–ground
contact. In this study, we used the net joint torques instead of
the muscle forces as input for the induced accelerations. Since
there was no roll-off of the feet, we assumed that the feet were
rigidly connected to the floor and that they only transferred the
forces and torques around the ankle to the ground. With these
assumptions, we could use an analytical approach to calculate
Fig 8. (a) Two position and (b) acceleration profile of two perturbation sig-
nals. The pulse-based displacement signal is obtained by double integration of
a pulse-based acceleration profile, while the sine-based signal is the increasing
slope of a sine wave. The two signals have a very similar position profile, while
their acceleration profile clearly differs.
the induced accelerations. This makes the use of induced ac-
celeration applicable in a broader range of research and even
clinical laboratories. Furthermore, with the analytical approach
it was possible to assess the induced accelerations of the cen-
trifugal forces, while this was not possible with the forward
simulations. Though the contribution of the centrifugal forces
is generally thought to be small, the rapid swinging of the arms
in response to the forward translation caused centrifugal forces
that clearly contributed to stabilization of the CoM. In response
to the backward translation, the contribution of the centrifugal
forces was clearly smaller than observed in forward translation.
These differences, coupled with unique joint torque contribu-
tions to induced accelerations observed for forward and back-
ward perturbations, clearly demonstrate the sensitivity of in-
duced acceleration analysis to different conditions.
As mentioned before, previous studies using IAA concen-
trated on the contribution of the different muscle forces during
gait. The application of the analytical approach to gait encoun-
ters several difficulties. In gait, the ankle cannot be supposed to
be fixed to the floor, as it is continuously moving with respect
to the floor. Consequently, the foot has to be incorporated in the
model and the foot–floor contact has to be modeled. Further-
more, during double support a closed chain arises in which the
movements of both legs are not necessarily the same. Recently,
Hof and Otten [21] derived analytical expressions to calculate
the induced accelerations during gait. The aforementioned dif-
ficulties made several assumptions necessary in their approach;
however, the effects of these assumptions on analysis results
are unclear. The major assumption was that modeling one leg,
while representing the contralateral leg as an independent force
in the hip joint would be adequate. The induced acceleration
of this “second leg” force was separately calculated. In doing
so, they neglected that part of this force is caused by the in-
ertia and kinematical constraints of the second leg, as reaction
to the torques/forces of which the induced accelerations are
calculated. So part of the induced accelerations of the second
leg should actually be considered as induced by the analyzed
torques/forces. Furthermore, during the stance phase they as-
sumed that at every single time step the acceleration of the CoP
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was equal to zero, which did not correspond to their measured
data in which the CoP moves forward and shows acceleration
at every single time step. Considering the CoP as a fixed joint
neglects that every torque/force also induces an acceleration of
the CoP location. This also changes the induced accelerations
at other locations. Consequently, before analytically derived ex-
pressions of induced accelerations can be applied to gait, solu-
tions have to be found to overcome the main difficulties and/or
the effect of these necessary assumptions have to be assessed.
Induced acceleration analyses can also be applied in studying
balance responses in different situations and in pathologies such
as stroke patients and prosthetic patients. For example, when
studying reach-to-grasp reactions, the model of the current study
can be used to calculate the contribution of the redistribution of
segment masses on the stabilization of the CoM as long as the
hand has not yet grasped something. When the hand has grasped
onto an object, the interaction forces should be measured and in-
corporated in the calculation of the arm joint torques and their
induced accelerations by extending the inverse model and for-
ward model, respectively. For pathologies, the contribution of
the joint torques of the affected and nonaffected legs to stabi-
lization of the CoM in response to platform translations can be
assessed. As long as the movements in both legs are the same,
only the inverse model has to be adapted to encompass both sep-
arate legs, so the joint torques in both legs can be calculated.
The forward model does not need to be adapted, as a model
consisting of one leg with lumped masses and inertias is math-
ematically the same as a model with a closed chain consisting
of two separate legs in exactly the same posture. Both torques
of a particular joint should be applied successively to the com-
bined joint to calculate the separate induced accelerations. If the
assumption of equal movements in both legs cannot be held, the
forward model and the inverse model become much more com-
plex, as unequal movements in both legs can only be modeled
by adding a degree of freedom outside the sagittal plane, such
as pelvic tilt.
APPENDIX
A. Derivation of Inverse Model
We used a modification of Kane’s method to derive the equa-
tions of motion. In this method, the principles of virtual power
are used to rewrite the Newton–Euler equations. Newton’s
second law states
(6)
where is the sum of all forces and torques (at and around a
given point, respectively) on the 9-segment model, is a vector
with the translational and rotational accelerations of all the sep-
arate segments, and is a matrix with the mass and the
inertia of the different segments on the diagonal.
Combining (6) with virtual velocities results in the virtual
power of the system:
(7)
where is the vector with the virtual velocities at the points
of application of the forces and the virtual angular velocities in
the direction of the torques.
Equation (7) will be rewritten in the generalized coordinates
by expressing and it derivatives in the generalized coordi-
nates. The vector of generalized coordinates is called where
stands for the number of elements (in this case 15) and
stands for inverse model
(8)
where is a vector containing the positions and angles of
expressed in generalized coordinates. The velocities can be
expressed as
(9)
where is a 2-D matrix holding the partial differentials of
with respect to the elements of a vector with index . The
comma indicates this partial differentiation.
The virtual velocities are
(10)
The accelerations are given by
(11)
where is a 3-D matrix with the partial differentials of
with respect to each of the generalized coordinates.
Substitution of (10) and (11) in (7) results in
(12)
This should hold for arbitrary virtual velocities ,
consequently
(13)
The above equation consists of different terms, with
(14)
where are the coriolis and centrifugal forces expressed in
the degrees of freedom.
(15)
where is the reduced mass matrix
(16)
where , , and are the 1-D vectors with the external
forces, the gravitational forces, and the joint torques, respec-
tively. , , and are the corresponding forces and
torques expressed in the degrees of freedom of the inverse
model.
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Substitution of (14), (15), and (16) in (13) results in the gen-
eral form of the movement equation
(17)
With (17) the forces and torques in the degrees of freedom
will be calculated, which is the purpose of the inverse model.
B. Derivation of Forward Model
The purpose of the forward model is to calculate the accel-
erations from the known joint torques. The derivation of the
forward model resembles the derivation of the equations used
to calculate the joint torques, but deviates on certain important
points.
The positions/angles and the velocity/angular velocity of the
different segments can be expressed in the generalized coordi-
nates of the forward model ( , where stands for the number
of degrees of freedom, 12) as
(18)
(19)
Next, we need to make a distinction between the different
degrees of freedom. In the induced acceleration analysis we
want to assess the effect of joint torques on the accelerations
of the degrees of freedom. However, not all of the degrees of
freedom can be influenced by the magnitude and direction of
the different torques. The platform movement and consequently
the ankle movement are prescribed and will remain the same
irrespective of the applied torques. Therefore, this degree of
freedom is called a kinematic degree of freedom (indicated with
the superscript “ ”, ). The movements in the other degrees
of freedom, which describe the movement of the body with re-
spect to the platform movement, can be influenced and are re-
garded dynamic (indicated with the superscript , ). The sub-
scripts and indicate the number of kinematic and dynamic
degrees of freedom which are equal to 1 and 11, respectively.
matrix is also split up into a matrix containing the par-
tial differentials of the kinematic degree of freedom and a matrix
with the partial differential of the dynamic degrees of freedom,
and , respectively. The accelerations can then be ex-
pressed in the kinematic and dynamic degrees of freedom
(20)
where is a 3-D matrix with the partial differentials of
to each of the dynamic degrees of freedom. For the kine-
matic degree of freedom, the corresponding matrix consists of
all zeros and is kept out of this and subsequent equations.
For the forward model, (13) becomes
(21)
is the sum of the gravitational forces, the net joint
torques and the external forces. The gravitational forces are
the same as in the inverse model. The net joint torques are the
joint torques as calculated with the inverse model. The external
forces are now the error term. The ground reaction forces do
not have to be applied, as in the forward model the ankle is
constrained to a specified position. Applying torques or forces
to the segments of the model will automatically lead to the
joint forces in the ankle which keep the ankle in the specified
position.
For the forward model, (14), (15), and (16) become
(22)
where are the coriolis and centrifugal forces expressed in the
dynamic degrees of freedom.
(23)
where is the reduced mass matrix
(24)
where , , and are the 1-D vectors with the external forces,
the gravitational forces, and the joint torques, respectively, and
, , and are the external forces, gravitational forces, and
joint torques expressed in the dynamic degrees of freedom of the
forward model.
In addition to the above described terms, the forward model
contains one extra term
(25)
where expresses the contribution of the ankle acceleration,
which is assumed to be equal to the platform acceleration, to the
torques in dynamic degrees of freedom.
In the forward model, we want to calculate the acceleration,
therefore, (22), (23), (24), and (25) are substituted in (21) and
rewritten such that the accelerations are the only terms on the
left side. The final equation is
(26)
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